Fluid mechanical shear stress elicits humoral, metabolic, and structural responses in vascular endothelial cells (ECs); however, the mechanisms involved in shear stress sensing and transduction remain incompletely understood. Beyond being responsive to shear stress, ECs distinguish among and respond di!erently to di!erent types of shear stress. Recent observations suggest that endothelial shear stress sensing may occur through direct interaction of the #ow with cell-surface structures that act as primary #ow sensors. This paper presents a mathematical model for the shear stress-induced deformation of a #ow sensor on the EC surface. The sensor is modeled as a cytoskeleton-coupled viscoelastic structure exhibiting standard linear solid behavior. Since ECs respond di!erently to di!erent types of #ow, the deformation and resulting velocity of the sensor in response to steady, non-reversing pulsatile, and oscillatory #ow have been studied. Furthermore, the sensitivity of the results to changes in various model parameters including the magnitude of applied shear stress, the constants that characterize the viscoelastic behavior, and the pulsatile #ow frequency ( f ) has been investigated. The results have demonstrated that in response to a suddenly applied shear stress, the sensor exhibits a level of instantaneous deformation followed by gradual creeping to the long-term response. The peak deformation increases linearly with the magnitude of the applied shear stress and decreases for viscoelastic constants that correspond to sti!er sensors. While the sensor deformation depends on f for low f values, the deformation becomes f-independent above a critical threshold frequency. Finally, the peak sensor deformation is considerably larger for steady and non-reversing pulsatile #ow than for oscillatory #ow. If the extent of sensor deformation correlates with the intensity of #ow-mediated endothelial signaling, then our results suggest possible mechanisms by which ECs distinguish among steady, nonreversing pulsatile, and oscillatory shear stress.
Introduction
The inner surfaces of all blood vessels are lined by a monolayer of vascular endothelium. In the pressurized arterial system, endothelial cells (ECs) are exposed to normal pressure forces, circumferential stretch forces, and tangential shear (or frictional) stresses. These mechanical stresses, which are highly dynamic due to blood #ow pulsatility, play an intricate role in the regulation of normal vascular function. For example, endothelial responsiveness to #uid mechanical shear stress is essential for modulating vascular tone in response to acute changes in arterial blood #ow (Pohl et al., 1986) and for structural remodeling of the vascular wall in response to chronic FIG. 1 . Working model for shear stress sensing and transduction in endothelial cells. The shear stress is sensed by a cytoskeleton-associated #ow sensor on the cell surface and is subsequently transmitted via cytoskeletal elements to various intracellular sites including the nucleus, cell}cell adhesion proteins, and focal adhesion sites.
hemodynamic changes (Langille & O'Donnell, 1986) . Furthermore, abnormalities in the ability of ECs to respond to shear stress may play a role in the localization and development of early atherosclerotic lesions (Davies, 1995; Nerem, 1992) .
Research over the past two decades has demonstrated that shear stress elicits a large number of important biological responses in ECs. These include activation of #ow-sensitive K> and Cl\ ion channels (Olesen et al., 1988; Nakache & Gaub, 1988; Barakat et al., 1999) and of GTPbinding (or G) proteins (Gudi et al., 1996 (Gudi et al., , 1998 , mobilization of intracellular calcium (Shen et al., 1992; Geiger et al., 1992) , initiation of mitogenactivated protein (MAP) kinase signaling (Traub & Berk, 1998) , alterations in the expression of a number of important genes (Resnick & Gimbrone, 1995; Malek & Izumo, 1994) , and extensive cytoskeletal and morphological changes that lead to cellular elongation and alignment in the direction of #ow (Dewey et al., 1981; Nerem et al., 1981; Barbee et al., 1994) . Beyond being merely responsive to shear stress, vascular ECs have more recently been shown to be capable of distinguishing among di!erent types of shear stress. For example, while ECs exposed to either steady #ow or to non-reversing pulsatile #ow exhibit intracellular calcium release and undergo extensive cytoskeletal remodeling, cells exposed to purely oscillatory #ow do not exhibit either response (Helmlinger et al., 1991 (Helmlinger et al., , 1995 . Di!erent types of shear stress have also been demonstrated to have a di!erential e!ect on endothelial gene expression , protein synthesis (Suvatne et al., 2001) , and redox state (De Keulenaer et al., 1998 ). The precise mechanisms by which ECs sense and transduce shear stress and by which they distinguish among di!erent types of shear stress remain largely unknown and are under intense investigation.
A working model for EC shear stress sensing and transduction was recently proposed (Davies & Tripathi, 1993; Barakat & Davies, 1998) . This model, depicted schematically in Fig. 1 , postulates that shear stress sensing occurs through direct interaction of the #ow with cell-surface, cytoskeleton-associated structures that act as primary #ow sensors. Although the nature of this interaction remains unknown, it may involve direct deformation of the #ow sensor by the #uid mechanical force. Once the shear stress is sensed, it is transmitted, possibly via cytoskeletal elements, to remote intracellular sites including the nucleus, cell}cell adhesion proteins, and focal adhesion sites on the basal cell surface. At either the cell surface or the intracellular sites, the mechanical force may be transduced into biochemical signals through alterations in speci"c phosphorylation states (Davies et al., 1997) .
This paper focuses on the early events that may be involved in endothelial shear stress sensing. A mathematical model for the shear stress-induced mechanical deformation of a #ow sensor on the EC surface is presented. The sensor is modeled as a viscoelastic structure that, in accordance with the model of Fig. 1 , is directly coupled to cellular cytoskeletal elements. Since ECs exhibit di!erential responsiveness to di!erent types of shear stress, the model predictions for sensor deformation induced by various types of #ow are presented. The sensitivity of the model results to changes in the various model parameters is also assessed.
Model Development

VISCOELASTIC FLOW SENSOR
The #ow sensor is modeled as a viscoelastic body with standard linear solid behavior, i.e. a Kelvin body (Fung, 1981) . As illustrated in Fig. 2 a Maxwell body, which consists of a linear spring with spring constant k (spring 2) and a dashpot with a coe$cient of viscosity . As shown in Fig. 2 and detailed elsewhere (Fung, 1981) , a suddenly applied force F on the body can, in general, be broken down into a force F on spring 1 and a force F on the Maxwell body. Thus,
F leads to deformation u in spring 1, while F leads to deformation u in the dashpot and u in spring 2. Continuity of the deformation in the Kelvin body dictates that:
where u is the overall deformation of the Kelvin body. In response to the applied load, the springs deform instantaneously with a deformation whose magnitude is directly proportional to the load, while the dashpot deforms at a velocity proportional to the load. Therefore,
Equations (1)}(4) can be combined to give
which can be written in the form
where
C represents the relaxation time for the viscoelastic Kelvin body under constant strain conditions, whereas N represents the relaxation time for constant stress (Fung, 1981) . Equation (6) is a "rst-order ordinary di!erential equation whose solution, given a forcing function F(t) and an appropriate initial condition, will provide an expression for the deformation of the model #ow sensor as a function of time, i.e. u(t) .
In this paper, F(t) will be considered to be applied suddenly at t"0 as a step function. In order to investigate sensor deformation by di!erent types of shear stress, three types of forcing functions corresponding to steady #ow, nonreversing sinusoidal pulsatile #ow (henceforth referred to simply as pulsatile #ow), and purely oscillatory sinusoidal #ow are imposed. For steady #ow, the forcing function is given as
where F M is a constant. Pulsatile #ow is formed by superimposing a sinusoid of amplitude A (A(1 since the waveform is non-reversing) and angular frequency onto steady #ow to yield a forcing function of the following form:
Finally, purely oscillatory #ow (i.e. zero net #ow rate) is represented by a purely sinusoidal function with an angular frequency as follows:
In each of these cases, the magnitude of the applied force at t"0 is F M . As illustrated in Fung (1981) , for a suddenly applied force F M and displacement u(0), the appropriate initial condition for a Kelvin viscoelastic body applicable to all three types of imposed forcing functions is given by
DEFORMATION OF FLOW SENSOR IN ENDOTHELIUM Therefore, the solution of eqn (6) subject to the appropriate forcing function of eqns (8), (9), or (10), and the initial condition of eqn (11) yields the sensor deformation u(t).
SENSOR DEFORMATION AND VELOCITY
Based on the formulation described above, expressions for the sensor deformation u(t) in response to the three di!erent types of shear stress considered can be derived. Since recent experimental results suggest that certain #ow-mediated endothelial responses may be sensitive not only to the magnitude of the applied shear stress, postulated here to correlate with the extent of sensor deformation, but also to the rate at which this shear stress is applied (Bao et al., 1999) , expressions for the sensor velocity uR (t) in response to the three di!erent types of shear stress are also presented. The resulting expressions for u(t) and uR (t) are as follows:
(ii) Pulsatile -ow:
(iii) Purely oscillatory -ow:
MODEL ASSUMPTIONS
There are several assumptions inherent in the model formulation described above. In order for the modeled #ow sensor to feel the e!ect of the applied shear stress and to subsequently deform in response to this stress, the energy imparted to the sensor by the shear force needs to be signi"-cantly larger than the energy associated with the thermal #uctuations of the sensor. For a given value of applied shear stress, the energy delivered to the sensor by the #ow increases with the characteristic size of the sensor. Therefore, one fundamental assumption is that the #ow sensor is a su$ciently large structure such that the imparted energy can be felt. To estimate how large the sensor needs to be to ful"ll this criterion, we approximate the sensor as a sphere that is adherent to a plane surface (the EC surface). For this 224 Sato et al. (1996). con"guration, the drag force under the viscositydominated (or Stokes) #ow conditions expected to prevail near the EC surface is given by
where G is the wall shear rate, R is the radius of the sphere approximating the #ow sensor, and is the dynamic viscosity of the #uid. The energy imparted to the sensor due to this drag force is of order F M R, where F M is given by eqn (18). This energy needs to signi"cantly exceed the thermal energy which is of order k¹, where k is the Boltzmann constant and ¹ the absolute temperature. Thus, for a typical value of shear stress within the arterial system of approximately 2 Pa (20 dyn cm\), the characteristic dimension R of the #ow sensor needs to be of order 100 nm for the energy imparted to it by #ow to be an order of magnitude larger than the thermal energy of the sensor (i.e.&10 kT). Structures of this size have indeed been reported to exist within the glycocalyx of ECs (Adamson & Clough, 1992; Feng & Weinbaum, 2000) .
A second assumption is that the viscoelastic properties of the #ow sensor are identical to those of endothelial cytoskeleton. This assumption is necessary because, as will be described in the next section, the viscoelastic constants that will be used in the model calculations are derived from micropipette aspiration experiments that provide values for endothelial cytoskeletal viscoelastic behavior. The validity of this assumption is unclear; however, we are unaware of any data on the mechanical properties of individual transmembrane proteins that may act as candidate mechanosensors. Since the current working model of endothelial shear stress sensing and transmission ( Fig. 1) postulates that the #ow sensor is directly coupled to cellular cytoskeletal elements, we have assumed as a "rst step that the sensor and the cytoskeleton have similar mechanical properties. We have also performed parametric studies to determine the sensitivity of the results to these mechanical properties. A third assumption is that the sensor is anchored in the cell membrane so that an applied force leads to deformation but not to displacement of the #ow sensor. This assumption is consistent with the model in Fig. 1 in which the sensor is shown to be &&hardwired'' to other intracellular sites by the endothelial cytoskeleton. A "nal assumption is that each #ow sensor acts as an independent structure which does not interact with the cell membrane or with other structures on the EC surface.
MODEL PARAMETERS
Full description of the model requires speci-"cation of values for the spring constants k and k , the dashpot coe$cient of viscosity , the amplitude A and angular frequency of the pulsatile #ow waveform, and the applied force F M at t"0. Once the &&baseline'' values for these parameters are speci"ed, the sensitivity of the model results to changes in these parameters can be established. Table 1 summarizes the values for these parameters used in the baseline computations as well as the range of parameters tested in the model sensitivity analysis. The values of k , k , and are derived from literature data on the results of micropipette aspiration experiments performed on cultured ECs and "tted to a linear solid viscoelastic model (Sato et al., 1996) . Since the experiments in Sato et al. (1996) involved the aspiration of a signi"cant portion of the cell membrane and associated cytoskeletal elements into the micropipette, the viscoelastic constants derived from the experiments are viewed as representing cytoskeletal properties. As described in DEFORMATION OF FLOW SENSOR IN ENDOTHELIUM 225 FIG. 3. E!ect of (a) steady #ow, (b) non-reversing pulsatile #ow, and (c) purely oscillatory #ow on the deformation of the #ow sensor under baseline conditions. In all cases, the #ow is imposed suddenly at t"0, and it leads to a non-zero instantaneous deformation at t"0. Note that the magnitude of the peak deformation is considerably larger for steady and pulsatile #ows than for oscillatory #ow . Both steady and pulsatile #ows lead to considerable creeping following the initial deformation. Pulsatile and oscillatory #ows lead to a sinusoidal variation in sensor deformation. The inset in panel (b) better illustrates these oscillations for pulsatile #ow during the "rst 50 s of imposed #ow. The deformation in oscillatory #ow is shown for only the "rst 30 s because the long-term behavior is attained very rapidly. the previous section, the appropriateness of using these values in the present model is justi"ed by the assumption that the #ow sensor is directly coupled to cytoskeletal elements and that the shear stress-induced deformation is dominated by the e!ect of #ow on cytoskeleton. Once the values of k , k , and are speci"ed, eqn (7) can be used to determine the values of the relaxation times C and N . A baseline value of the angular frequency "2 rad s\ is selected based on a physiological cardiac frequency f"1 Hz ( "2 f ), while the values of the pulsatile amplitude A"0.25 and the initial force F M "1 (in arbitrary units) in the baseline calculations are arbitrarily selected. F M represents the total hydrodynamic force on the #ow sensor at t"0. If the sensor is approximated as a sphere as already described, then this force is given by eqn (18) above. This readily establishes that F M is directly proportional to the magnitude of the #uid mechanical shear stress due to the #ow. Thus, the e!ect of di!erent levels of shear stress on sensor deformation can be simulated by simply proportionately scaling the value of F M in the model. Figure 3 demonstrates the sensor deformation as a function of time under the baseline conditions de"ned in Table 1 for steady, pulsatile, and purely oscillatory shear stress. For all three types of shear stress, there is an immediate deformation in response to the suddenly applied #uid mechanical stimulus. This immediate response, which is driven by the instantaneous de#ection of the elastic springs in the Kelvin body and whose magnitude is de"ned by the initial condition given in eqn (11), is followed by gradual creeping of the dashpot towards the long-term, asymptotic deformation behavior. As might be expected, both pulsatile and oscillatory #ows lead to sinusoidal oscillations in sensor deformation. The period of these oscillations is 1 s, similar to the period of the imposed #ow stimulus. However, while sensor deformation in response to oscillatory #ow attains its long-term response very rapidly (within one cycle of sensor deformation or 1 s), a considerably longer time is required for the steady and pulsatile #ow cases (about 600 s for the deformation to reach 99% of its long-term value). 226 FIG. 4 . E!ect of (a) steady, (b) non-reversing pulsatile, and (c) purely oscillatory #ow on the velocity of the #ow sensor under baseline conditions. In all cases, the #ow is imposed suddenly at t"0, and it leads to a non-zero instantaneous velocity at t"0. Note that the magnitude of the peak velocity is largest for oscillatory #ow and smallest for steady #ow. Both pulsatile and oscillatory #ows lead to a sinusoidal variation in sensor velocity.
Results
SENSOR DEFORMATION AND VELOCITY UNDER BASELINE CONDITIONS
It is possible that even if deformation of a cellsurface #ow sensor is involved in #ow-mediated endothelial signaling, a certain threshold value of deformation needs to be exceeded in order to initiate the biological response. Therefore, it may be of interest to determine the magnitude of the peak deformation induced by the #ow signal. In the case of steady #ow, the peak deformation is given by the long-term, steady-state deformation value which, once attained, remains unchanged as long as the cells continue to be subjected to #ow. On the other hand, the sinusoidal nature of the deformation behavior for both pulsatile and oscillatory #ows leads to the peak deformation value being attained periodically. As can be seen from Fig. 3 , the peak sensor deformation in response to either steady or pulsatile #ow is considerably larger than that in response to purely oscillatory #ow*the peak deformation in steady #ow is 3.0 times that in oscillatory #ow, while the peak deformation in pulsatile #ow is 3.25 times that in oscillatory #ow. Figure 4 depicts the variation of sensor velocity with time in response to steady, pulsatile, and oscillatory #ow. In the case of steady #ow, the sensor velocity is largest at the onset of #ow and rapidly approaches zero as the steady-state deformation value is reached. On the other hand, both pulsatile and oscillatory #ows lead to sinusoidal oscillations in sensor velocity which quickly attain their long-term behavior. The peak sensor velocities are largest for oscillatory #ow and are considerably larger for both pulsatile and oscillatory #ows than for steady #ow. The peak velocity in pulsatile #ow is about 120 times that in steady #ow, while the peak velocity in oscillatory #ow is approximately 440 times that in steady #ow.
EFFECT OF SHEAR STRESS MAGNITUDE ON SENSOR DEFORMATION AND VELOCITY
The intensity of many #ow-induced endothelial responses including activation of #ow-sensitive ion channels (Olesen et al., 1988) , rate of mobilization of intracellular calcium (Helmlinger et al., 1995) , changes in expression of particular gene products (Ohno et al., 1995) , and morphological remodeling (Dewey et al., 1981) depends on the magnitude of the imposed shear stress. Therefore, the e!ect of shear stress magnitude, speci"ed in the present model as the value of the parameter F M , on sensor deformation has been studied.
The solutions for sensor deformation [eqns (12), (14), and (16) directly proportional to F M for all three di!erent types of shear stress considered. This e!ect is illustrated in Fig. 5 which depicts the linear dependence on F M of both the peak deformation and peak velocity for the three types of shear stress. As already noted, the peak deformations for steady and pulsatile #ows considerably exceed those for steady #ow, while the peak velocities are largest for oscillatory #ow and smallest for steady #ow. Figure 5 (b) speci"cally illustrates that the peak sensor velocity for steady #ow is a very weak function of F M . The results of Fig. 5 depict the peak sensor deformation and velocity in arbitrary units and hence clearly illustrate the relative e!ects of the di!erent types of #ow waveforms on the #ow sensor. However, it would be useful to determine some of these results in absolute units in order to establish an approximate measure of the predicted sensor deformation under #ow conditions of physiological relevance. For a typical arterial shear stress of approximately 2 Pa (20 dyn cm\) and a sensor of characteristic size R of 100 nm, eqn (18) yields a total hydrodynamic force of order 1 pN. Under steady #ow conditions and for the baseline values of the viscoelastic constants given in Table 1 , eqn (12) predicts that this force will lead to a peak sensor deformation of the order of 100 nm, i.e. comparable to the size of the sensor itself.
EFFECT OF VISCOELASTIC CONSTANTS ON SENSOR DEFORMATION AND VELOCITY
Micropipette aspiration experiments on cultured ECs have demonstrated that the values of the two spring constants k and k and the coef-"cient of viscosity of the dashpot change as the cells are exposed to shear stress (Sato et al., 1996 (Sato et al., , 1987 . For instance, after 24 hr of steady #ow, the measured values of k , k , and are approximately double those of control cells not previously exposed to #ow, suggesting that sustained shear stress renders the cells considerably sti!er. Therefore, it is essential to establish the impact of changes in the viscoelastic model constants on the #ow-induced sensor deformation.
Figures 6}8 demonstrate the sensitivity of the peak sensor deformation and peak sensor velocity to changes in k , k , and for the three types of shear stress considered. As might be expected, larger values of k and k , which are indicative of sti!er sensors, generally lead to smaller deformations. However, the extent of sensitivity of the deformation to changes in these constants depends on the type of imposed shear stress and on the particular viscoelastic constant considered. For instance, while peak sensor deformation under steady and pulsatile #ow conditions depends strongly on k for all values of k considered, this dependence is considerably weaker for oscillatory #ow, particularly for smaller k values [ Fig. 6(a) ]. The opposite is true, however, for k *the value of k impacts peak sensor deformation in oscillatory #ow to a considerably larger degree than in either steady or pulsatile #ow [ Fig. 7(a) ]. In fact, the peak sensor deformation in response to steady #ow is completely independent of k as can be deduced from the steadystate limit of eqn (12); this is the case because at steady state the dashpot is fully relaxed so that the deformation is dictated entirely by k . Finally, the peak sensor deformation in response to all three types of shear stress is virtually independent of the dashpot coe$cient of viscosity [ Fig. 8(a) ]. The value of largely determines the time required to attain the peak sensor deformation, but it has a very minimal impact on the long-term magnitude of this deformation.
The peak sensor velocity for all three types of shear stress is found to decrease as the viscoelastic constant k increases [ Fig. 6(b) ], and this sensitivity is most pronounced at the higher values of k . However, the dependence of the peak velocity on k depends on the type of shear stress imposed*an increase in k decreases the peak velocity for both pulsatile and oscillatory #ows but increases it for steady #ow [ Fig. 7(b) ]. Finally, the peak sensor velocity decreases with the dashpot coe$cient of viscosity for all three types of shear stress; this decrease is very small for pulsatile and oscillatory #ows but relatively pronounced for steady #ow [ Fig. 8(b) ].
EFFECT OF UNSTEADY FLOW FREQUENCY ON SENSOR DEFORMATION
All the preceding computations were performed with the value of the unsteady #ow frequency f"1 Hz which corresponds to an angular frequency "2 rad s\. This value is physiological at resting conditions; however, the value of f increases signi"cantly during vigorous exercise and may also be sensitive to various pathologies. It would be expected that in the limit of very #ow frequency ( f;1), the e!ect of unsteady #ow (whether pulsatile or oscillatory) on sensor deformation and velocity would approach that of steady #ow. On the other hand, in the limit of highly unsteady #ow ( f<1), the inertia of the dashpot will prevent any signi"cant creeping from occurring during a pulsatile cycle, and the deformation of the #ow sensor would be expected to be determined virtually entirely by the instantaneous responsiveness of the elastic springs; this would result in the magnitude of the peak deformation becoming largely independent of the value of f. Figure 9 (a) demonstrates the e!ect of the unsteady #ow frequency f on the peak deformation of the #ow sensor in response to either pulsatile or purely oscillatory #ow: the deformation has been non-dimensionalized relative to the steady #ow peak deformation value (the asymptotic steady-state value in Fig. 3 ). As expected, the results indicate that at low values of f, the peak sensor deformation in response to oscillatory #ow approaches that of steady #ow, i.e. the dimensionless sensor deformation approaches unity. Since the non-reversing pulsatile #ow is composed of a sinusoidal #ow component that is superimposed onto a steady #ow [eqn (9)], the dimensionless peak sensor deformation for pulsatile #ow in Fig. 9 (a) approaches a value larger than unity and which represents the sum of the steady and sinusoidal #ow components. On the other hand, as the value of f increases, the peak deformation in response to either oscillatory or pulsatile #ow decreases until a threshold frequency f APGR is reached beyond which the peak deformation becomes independent of f. This corresponds to the regime where the #ow pulsatility is su$ciently high so that the e!ect of the viscous dashpot is negligible, and the deformation is dictated entirely by the displacement of the linear springs.
It is interesting that for the baseline values of the model viscoelastic constants, f APGR takes on 230 A. I. BARAKAT a value of approximately 0.01 Hz, much lower than the 1}2 Hz physiological frequencies in the arterial system. This suggests that ECs in the arterial system lie in the regime where the #ow-induced sensor deformation is largely insensitive to relatively small changes in the frequency of #ow unsteadiness. Thus, the peak sensor deformation would not be expected to change signi"-cantly during changes in activity level. Another interesting observation is that while the peak deformation at high f is considerably larger for pulsatile #ow than for oscillatory #ow, this di!erence is considerably smaller at low values of f. Therefore, while pulsatile and oscillatory #ows a!ect the #ow sensor di!erently in ECs exposed to relatively high-frequency #ow oscillations, this is not the case for cells exposed to conditions that lead to very low-frequency oscillations. Figure 9 (b) depicts the sensitivity of the peak sensor velocity to f for both pulsatile and oscillatory #ows. As in the case of peak deformation, the peak velocity has been non-dimensionalized relative to the steady #ow peak velocity value (the velocity at t"0 in Fig. 4) . Under the quasisteady #ow conditions characteristic of very low f values, the dimensionless peak sensor velocity expectedly has a value of unity for both pulsatile and oscillatory #ows. As f increases, the peak velocity increases for both types of unsteady #ow with the increase being faster for oscillatory #ow.
Discussion
Fluid mechanical shear stress elicits a wide range of humoral, metabolic, and structural responses in vascular ECs (Nerem, 1992; Davies, 1995; Barakat & Davies, 1998; Barakat, 1999) , and the nature of these responses depends on the speci"c form of the imposed shear stress (Helmlinger et al., 1991 (Helmlinger et al., , 1995 Chappell et al., 1998; Suvatne et al., 2001) . Although the precise mechanisms remain unknown, shear stress sensing in ECs may involve the direct deformation by the #uid mechanical force of a cytoskeleton-associated #ow sensor at the cell surface. In this paper, we have modeled such a sensor as a viscoelastic material and have studied its deformation and velocity in response to steady, non-reversing sinusoidal pulsatile, and purely oscillatory sinusoidal #ow (zero net #ow rate).
Furthermore, we have established the sensitivity of the model predictions to changes in the magnitude of the applied shear stress, the values of the constants characterizing the viscoelastic behavior of the sensor, and the frequency of #ow pulsation. In the model, the viscoelastic behavior is simulated by a standard linear solid (a Kelvin body) consisting of a Maxwell body, i.e. a linear spring in series with a dashpot, in parallel with a second linear spring. The springs produce the elastic component of the deformation, while the dashpot produces the viscous component.
Our model results have demonstrated that in response to a suddenly applied #uid mechanical force, the sensor deforms instantaneously by a certain amount dictated by the spring constants. This immediate deformation is then followed by gradual creeping of the sensor until the long-term deformation response is ultimately established. The time constant that characterizes the rate at which the deformation approaches its long-term, asymptotic behavior depends on the values of all three viscoelastic constants, i.e. the two spring constants k and k and the viscosity of the dashpot . In the unsteady #ow simulations (both pulsatile and purely oscillatory), the sensor deformation is found to vary in a sinusoidal fashion, similar to the imposed #ow signal, and with the same frequency as the #ow oscillation. For steady #ow, the sensor velocity is maximal at the onset of #ow and decreases rapidly to zero as the steady-state deformation is attained. On the other hand, the sensor velocity in response to pulsatile and oscillatory #ows is sinusoidal with a frequency identical to that of the #ow oscillation.
Experimental data on cultured ECs have demonstrated that while steady and pulsatile #ows elicit particular responses including the mobilization of intracellular calcium and morphological reorganization, purely oscillatory #ow does not induce either response (Helmlinger et al., 1991 (Helmlinger et al., , 1995 . The results of the present model have demonstrated that the peak sensor deformation is considerably larger for either steady or pulsatile #ow than for oscillatory #ow (Fig. 3) . Furthermore, the time required to establish the long-term response is considerably shorter for oscillatory #ow than for either steady or pulsatile #ow. If the mechanical deformation of a cell-surface #ow DEFORMATION OF FLOW SENSOR IN ENDOTHELIUM sensor contributes to the sensing of #uid mechanical stresses, and if the magnitude of the peak deformation of this sensor and/or the time needed for attaining the long-term deformation response are parameters involved in regulating the nature of shear stress-mediated endothelial signaling, then our results suggest mechanisms by which ECs may be di!erentially responsive to steady and pulsatile #ows but not to oscillatory #ow. In contrast, the peak sensor velocity, which is found to be larger for oscillatory #ow than for either steady or pulsatile #ow (Fig. 4) , does not correlate with the observed EC di!erential responsiveness.
We have investigated the sensitivity of the model predictions for sensor deformation and velocity to changes in the various model parameters. We have focused primarily on the e!ect of these parameters on the peak values of sensor deformation and velocity because certain threshold values of sensor deformation and velocity may need to be exceeded prior to initiation of shear stress-induced endothelial signaling. Indeed, the notion that a threshold level of stimulation needs to be exceeded for initiation of endothelial responsiveness to #ow is supported by reports that various #ow-induced responses including activation of K> ion channels (Olesen et al., 1988) , up-regulation of certain gene products (Ohno et al., 1995) , and cell morphological reorganization (Dewey et al., 1981) do not occur below a minimum level of shear stress.
The intensity of a number of #ow-mediated endothelial responses including the activation of #ow-sensitive K> ion channels (Olesen et al., 1988) and changes in gene expression (Ohno et al., 1995) has been reported to depend on the magnitude of the applied shear force. For all three types of shear stress considered here, both the peak sensor deformation and the peak velocity were found to increase linearly with the magnitude of the applied shear stress (Fig. 5) . Although the dependence of particular endothelial responses on the magnitude of the applied shear stress appears to be near-linear (Ohno et al., 1995) , other responses exhibit a nonlinear behavior (Olesen et al., 1988) . In fact, recent results have demonstrated that certain responses, such as the extent of G protein activation by shear stress, may be entirely independent of the magnitude of the applied shear stress but depend rather on the duration over which the cells are subjected to #ow (Gudi et al., 1996) . Therefore, it is likely that the concepts developed here and the results of the present model are applicable to particular endothelial responses to #ow but not to others.
We have assessed the sensitivity of the model results to changes in the viscoelastic constants k , k , and . The results have demonstrated that larger values of k and k , which are indicative of a sti!er #ow sensor, expectedly lead to reduced peak deformations. However, the precise nature of the dependence of the peak sensor deformation on the spring constants depends on the particular constant considered and the type of imposed shear stress. For instance, while the magnitude of the peak sensor deformation is a strong function of k for both steady and pulsatile #ow, the dependence is considerably weaker for oscillatory #ow [ Fig. 6(a) ]. In contrast, the peak deformation is considerably more sensitive to changes in k for oscillatory #ow than for pulsatile #ow, and it is entirely independent of k for steady #ow [ Fig. 7(a) ]. The peak deformation is virtually independent of for all three types of shear stress [ Fig. 8(a)]; primarily determines the time needed to attain the long-term deformation response.
In studies in which the results of micropipette aspiration experiments performed on cultured ECs were "tted to a Kelvin viscoelastic body, the values of the constants k , k , and were found to be signi"cantly larger for cells that had been exposed to #ow for 24 hr than in control cells not previously subjected to #ow (Sato et al., 1987 (Sato et al., , 1996 . Given our "ndings of the dependence of the sensor deformation on k , k , and , it would be expected that the peak sensor deformation will be smaller in pre-sheared cells than in cells in static culture that have not previously been sheared. If the magnitude of the sensor deformation correlates with the intensity of certain #ow-induced signaling, then this decrease in sensor deformation can be viewed as a form of reduced cellular responsiveness or desensitization in response to sustained #ow. Such desensitization has indeed been reported for several #ow-induced endothelial responses including the activation of shear stress-sensitive K> ion channels 232 A. I. BARAKAT (Olesen et al., 1988) and the mobilization of intracellular calcium (Shen et al., 1992) .
Our model results have demonstrated that for both sinusoidal pulsatile and purely oscillatory #ows, the dependence of the peak sensor deformation on the frequency of #ow pulsation depends on whether the value of the frequency is above or below a critical threshold value ( f APGR ). For frequencies f'f APGR , the magnitude of the peak sensor deformation is independent of the frequency of #ow pulsation [ Fig. 9(a) ]. On the other hand, for frequencies f(f APGR , the magnitude of the peak sensor deformation increases as the frequency decreases, and this increase is faster for oscillatory #ow than for pulsatile #ow [ Fig. 9(a) ]. Consequently, while the peak sensor deformation in pulsatile #ow is signi"cantly larger than in oscillatory #ow for f'f APGR , the di!erence in peak sensor deformation induced by the two types of shear stress for f(f APGR becomes progressively smaller as the frequency decreases [ Fig. 9(a) ]. If the intensity of #ow-mediated endothelial signaling correlates with the magnitude of the peak sensor deformation, then these results suggest that pulsatile #ow leads to considerably more intense signaling than oscillatory #ow for f'f APGR but that the di!erence in the capabilities of these di!erent types of shear stress to elicit a biological response decreases progressively as the frequency decreases below f APGR . For the model parameters considered in this study, the value of f APGR was found to be approximately 0.01 Hz, considerably smaller than the 1}2 Hz frequency range characteristic of pulsatile #ow in the arterial system. Therefore, for physiological conditions in arteries, the peak sensor deformation due to pulsatile #ow will be expected to be signi"cantly larger than that due to oscillatory #ow. This, given the assumption that sensor deformation is needed to initiate shear stressinduced endothelial signaling, is consistent with the observation that certain biological responses in large-vessel ECs are elicited by pulsatile but not by oscillatory #ow (Helmlinger et al., 1995 (Helmlinger et al., , 1991 Chappell et al., 1998 , Suvatne et al., 2001 ). The present results also imply that at very low values of #ow pulsation frequencies, the peak sensor deformation in oscillatory #ow is comparable to that in pulsatile #ow and may therefore become su$ciently large to elicit a biological response. Thus, while oscillatory #ow may fail to produce particular endothelial responses at relatively large pulsation frequencies, it may be capable of inducing some of these responses at su$ciently low frequencies. This notion could be directly tested experimentally by determining if lowfrequency oscillatory #ow induces EC responses that resemble those produced by pulsatile #ow.
To the best of our knowledge, this is the "rst report of a mathematical model describing the possible e!ect of shear stress on the direct deformation of #ow sensors that may be present on the surface of vascular ECs. A mathematical model has previously been developed to describe the e!ect of shear stress on intracellular calcium in ECs (Weisner et al., 1997) . This model incorporated the e!ects of #ow on the delivery of agonists to the EC surface as well as the impact of #ow on calcium channels within the cell membrane. The results suggested that the calcium response to #ow was not simply proportional to the #ow-induced strain in the membrane but that it depended on the dynamics of the particular biochemical step involved. These "ndings are not inconsistent with the present results because the current study only focuses on the cell-surface sensor response and does not include any shear stress-induced signaling e!ect.
The current study has suggested that #ow may lead to su$ciently large deformations of #ow sensors and coupled cytoskeletal elements to possibly initiate a signaling response. A previous study had used estimates of the elastic modulus of actin in combination with network theory to conclude that physiological values of shear stress lead to a negligibly small strain in the actin cytoskeleton (Satcher & Dewey, 1996) . On the other hand, recent experiments have demonstrated measurable rapid and complex deformations of vimentin intermediate "laments in ECs exposed to #ow (Helmke et al., 2000) . Since the cytoskeleton consists of a complex network of various types of proteins, it is probably necessary to account for these interconnections in any model that aims to accurately predict #ow-induced cytoskeletal deformation. Although it has been proposed here that the imposed shear stress may lead to direct cytoskeletal deformation, it is also possible that shear stress may impact the equilibrium between monomeric and polymerized actin DEFORMATION OF FLOW SENSOR IN ENDOTHELIUM within ECs and that a shift in this equilibrium may play a role in the sensing and transduction of the #ow signal.
Recent work has demonstrated that exposure of cultured ECs to #ow leads to a signi"cant increase in cell membrane #uidity (Haidekker et al., 2000) . The e!ect of #ow on the overall cell membrane has therefore been suggested as a mechanism by which ECs may sense and respond to shear stress. It is likely that endothelial mechanotransduction can occur through multiple pathways including an e!ect on overall membrane dynamics as well as an e!ect on discrete cell-surface proteins. The present study has only focused on the impact on candidate #ow sensors. It would be important for future modeling e!orts to incorporate the possible impact of #uid mechanical forces on the EC membrane and to combine those results with the present "ndings.
The present study has investigated the e!ects of both steady and unsteady #ows on the deformation of #ow sensors on the EC surface. However, the unsteady #ow calculations (both the non-reversing pulsatile and the purely oscillatory) were performed under the assumption of sinusoidal #ow, which is not a physiological waveform. In large arteries, the physiological pulse di!ers signi"cantly from a sinusoid in that the waveform is not equally divided between acceleration and deceleration. Furthermore, periods of retrograde (or backward) #ow, whenever they occur, are typically shorter than those of forward #ow. It would be interesting to extend the calculations to a more physiological waveform. Given the "nding that the sensor deformation for the set of viscoelastic constants considered here tracks the imposed #ow waveform with no signi"cant frequency or phase shifts, we speculate that the conclusions reached here will remain largely unchanged when the computations are extended to a physiological #ow waveform.
Although the existence of discrete cell-surface #ow sensors in ECs has not been directly demonstrated, several candidate systems have been proposed. These include shear stress-sensitive ion channels (Davies, 1995; Barakat et al., 1999) , transmembrane extracellular matrix receptors of the integrin family (Wang et al., 1993) , and G protein-coupled receptors (Davies et al., 1995 ). The present model has assumed that the #ow sensor is directly coupled to endothelial cytoskeletal elements. This is consistent with the evidence that the candidate #ow sensing systems listed above are either directly or indirectly associated with cytoskeleton. For instance, the gating properties of several types of ion channels in various cell types have been shown to be regulated by cytoskeleton (Undrovinas et al., 1995; Cantillo, 1995; Hug et al., 1995) , integrins have been shown to be directly linked to cytoskeleton in ECs (Wang et al., 1993) , and G proteins have been demonstrated to intricately regulate cytoskeletal organization in a number of cell types (Hall, 1994; Buhl et al., 1995; Ridley, 1995) . An additional assumption in the formulation of the present model is that the #ow sensor has similar mechanical properties to the cell cytoskeleton. The validity of this assumption remains unclear; however, no data currently exist on the mechanical properties of individual cell-surface proteins that may act as #ow sensors. One way to generalize the current model to include the possibility that the #ow sensor may in fact exhibit di!erent deformation characteristics from cytoskeleton is to extend the formulation to a series of Kelvin bodies with di!erent spring constants and dashpot coe$cients of viscosity. This generalization would also permit the incorporation into the model of other intracellular structures such as the nucleus, focal adhesion sites, and cell}cell adhesion proteins to which the #ow sensor-associated cytoskeletal elements may be coupled. Such an approach promises to provide a better understanding of the integrated #ow sensing system in vascular endothelium.
